This study was designed to examine the feasibility of utilizing transabdominal ultrasound for real-time monitoring of target motion during a radiotherapy fraction. A clinical Acuson 128/XP ultrasound scanner was used to image various stationary and moving phantoms while an Elekta SL25 linear accelerator radiotherapy treatment machine was operating. The ultrasound transducer was positioned to image from the outer edge of the treatment field at all times. Images were acquired to videotape and analyzed using in-house motion tracking algorithms to determine the effect of the SL25 on the quality of the displacement measurements. To determine the effect on the dosimetry of the presence of the transducer, dose distributions were examined using thermoluminescent dosimeters loaded into an Alderson Rando phantom and exposed to a 10ϫ 10 cm 2 treatment field with and without the ultrasound transducer mounted 2.5 cm outside the field edge. The ultrasound images acquired a periodic noise that was shown to occur at the pulsing frequency of the treatment machine. Images of moving tissue were analyzed and the standard deviation on the displacement estimates within the tissue was identical with the SL25 on and off. This implies that the periodic noise did not significantly degrade the precision of the tracking algorithm ͑which was better than 0.01 mm͒. The presence of the transducer at the surface of the phantom presented only a 2.6% change to the dose distribution to the volume of the phantom. The feasibility of ultrasonic motion tracking during radiotherapy treatment is demonstrated. This presents the possibility of developing a noninvasive, real-time and low-cost method of tracking target motion during a treatment fraction.
This study was designed to examine the feasibility of utilizing transabdominal ultrasound for real-time monitoring of target motion during a radiotherapy fraction. A clinical Acuson 128/XP ultrasound scanner was used to image various stationary and moving phantoms while an Elekta SL25 linear accelerator radiotherapy treatment machine was operating. The ultrasound transducer was positioned to image from the outer edge of the treatment field at all times. Images were acquired to videotape and analyzed using in-house motion tracking algorithms to determine the effect of the SL25 on the quality of the displacement measurements. To determine the effect on the dosimetry of the presence of the transducer, dose distributions were examined using thermoluminescent dosimeters loaded into an Alderson Rando phantom and exposed to a 10ϫ 10 cm 2 treatment field with and without the ultrasound transducer mounted 2.5 cm outside the field edge. The ultrasound images acquired a periodic noise that was shown to occur at the pulsing frequency of the treatment machine. Images of moving tissue were analyzed and the standard deviation on the displacement estimates within the tissue was identical with the SL25 on and off. This implies that the periodic noise did not significantly degrade the precision of the tracking algorithm ͑which was better than 0.01 mm͒. The presence of the transducer at the surface of the phantom presented only a 2.6% change to the dose distribution to the volume of the phantom. The feasibility of ultrasonic motion tracking during radiotherapy treatment is demonstrated. This presents the possibility of developing a noninvasive, real-time and low-cost method of tracking target motion during a treatment fraction. © 2005 American Association of Physicists in Medicine. ͓DOI: 10.1118/1.1915934͔
I. INTRODUCTION
As radiotherapy has become more conformal through the development of three-dimensional ͑3D͒ planning and delivery techniques and intensity modulated radiotherapy ͑IMRT͒, the ability to verify that the planned dose is delivered to the target volume is becoming of increased importance. IMRT treatments are more sensitive to set-up variations and organ motion than conventional treatments.
1 Therefore a margin is added to the clinical target volume ͑CTV͒ to create the planning target volume ͑PTV͒ ͑ICRU-62͒. It is then assumed that the CTV is never under-irradiated as it moves within the boundaries of the PTV to which the high dose is planned. However, the reduction of set-up errors, along with continuous interfraction ͑between treatment fractions͒ and intrafraction ͑within a treatment fraction͒ verification of the CTV position, would allow reduction of the treatment planning margins and thus spare normal adjacent tissue. The eventual goal is that the high dose envelope should instead track the CTV, the PTV being an artificial construct with a penalty. 2 Uncertainties in radiotherapy treatment plans can be categorized into two types, systematic and random. Many sources of interfractional motion are systematic. For example, there can be systematic variations in patient positioning and organ location, perhaps due to the progression or regression of disease. Day-to-day changes in patient position and organ location can also be random, e.g., due to random variation in digestion status. Intrafractional motion tends to be random. Even though some intrafractional motion has a cyclic, repeatable nature ͑e.g., respiration or cardiovascular activity͒, the phase of the motion with respect to the radiotherapy treatment is still random.
Organ motion has been studied using various imaging modalities, each showing that motion is an important factor in radiotherapy treatment planning and treatment. Magnetic resonance imaging, [3] [4] [5] electronic portal imaging devices, 6, 7 computed tomography ͑CT͒, 8 and repeated CT scans 9 have all been used to study motion of various sites in the body including prostate. 10, 11 Current solutions for the motion of the CTV can be essentially split into three categories: ͑1͒ allow motion, and therefore create a PTV and a treatment plan that delivers to the PTV, ͑2͒ minimize the motion of the CTV, and ͑3͒ follow the motion of the CTV. The first of these options is the least desirable, as the margin is statistically determined and as a result, extreme and unpredicted motion may cause the target to exceed the boundaries of the PTV. Furthermore, the dose should ideally be conformed to the CTV and not the PTV, thereby sparing more normal tissue. Minimization of the target volume motion can be achieved using devices that restrict the motion such as rectal balloons for prostate treatment or the Active Breathing Control ͑ABC͒ device for treatment in the thoracic region [12] [13] [14] and breast. 15 However, this approach does not remove all sources of motion. The third solution involves tracking the motion. Commercially available equipment has been developed, such as Elekta's Synergy System®, which uses cone-beam CT. 16, 17 Other groups have developed methods for tracking implanted internal markers for body sites such as lung 18 and liver. 19 The aim of this project is to determine if transabdominal ultrasound is a viable imaging modality for the real-time monitoring of intrafractional motion. Ultrasound has been chosen because it is capable of real-time imaging of soft tissue and it bypasses the problems of implanting internal markers into the target volume. Ultrasound is used to image various regions of the body and is currently used in radiotherapy to localize the prostate, for example, NOMOS BAT [20] [21] [22] and Resonant Medical Restitu™. However, this localization is done only prior to and post-treatment fraction and not continuously during treatment. In the relatively new and burgeoning field of ultrasound imaging of tissue elasticity, 23 ultrasound echo and speckle tracking algorithms have been developed specifically to track soft tissue motion within a sequence of acquired ultrasound images. As we have proposed previously, algorithms of this type written within our own ultrasound research group 24, 25 could be used to provide a feedback signal to permit motion compensation in conformal treatment systems. 26 This study was designed to address two main questions: what is the effect of the radiotherapy treatment environment on the ultrasound system and what is the effect of the ultrasound system on the radiotherapy treatment? No previous investigations have attempted to determine whether an ultrasound imaging system can work in the radiotherapy environment ͑i.e., in the presence of electromagnetic noise due to the operation of the treatment linear accelerator͒. Therefore, the first aim was to establish whether ultrasound images can be acquired and how these images might be affected. The second aim was to determine how the imaging system affects the treatment, specifically whether the presence of the transducer causes changes in the dose distribution.
II. MATERIALS AND METHODS
This study comprised two investigations. The first experiment studied the effect of treatment machine operation on the ultrasound imaging system. This involved determining whether the ultrasound imaging system could function while the treatment machine was operating and then assessing whether these images could be analyzed using a wellcharacterized in-house motion-tracking algorithm. The second experiment studied perturbations to the delivered dose due to the presence of the ultrasound imaging transducer.
The materials and equipment used in these experiments were easily available and are commonly used in ultrasound and radiotherapy environments. In addition, the phantoms, radiotherapy treatment plans, and ultrasound scanner settings were chosen to be appropriate for the prostate. This is a useful organ to investigate because it is easily amenable to ultrasound imaging, it has been widely studied in the context of radiotherapy treatment and it has been shown to exhibit large random motions over short time scales. 27 However, it should be emphasized that the main aim of this study was to assess the feasibility of ultrasound tracking during radiotherapy treatment, so the choice of target was unimportant.
A. The radiotherapy environment
The radiotherapy treatment machine used in all the experiments was an Elekta SL25. The 10 MV beam was a 10 ϫ 10 cm 2 field operating at either 400 or 200 Hz, as specified in the following.
B. Phantoms
Four phantoms were placed on the treatment couch and imaged using ultrasound while the treatment machine was both on and off. The initial experiments examined the effect of the treatment machine operation on ultrasound images of stationary targets. The targets used were air, degassed water, and an ultrasound quality assurance phantom ͑CIRS Model 044͒. The phantom is constructed from the patented solid elastic material, Zerdine®, which has similar ultrasound characteristics ͑i.e., attenuation and sound speed͒ to those of human liver tissue. Embedded in this background material are a number of targets of different contrast and size, including wires for resolution tests, solid masses, and cysts.
For the motion tracking study, a latex-encapsulated sample of degassed bovine liver tissue was attached to the scanning arm of a Standard Dosimetric Water Phantom ͑manufactured by Scanditronix Wellhofer GmbH, Schwarzenbruck, Germany͒. The tissue sample approximated a sphere of 4 cm diameter, designed to represent a typical prostate. The dosimetric water phantom was filled with degassed water and was chosen because it is constructed for operation in a radiotherapy treatment environment and as such it is computer operable from the linear accelerator control room. The scanning arm had three degrees of freedom, allowing the tissue phantom to be moved anywhere within the tank at a constant speed of between 0.01 and 1.75 mm/ s. The motors used to control the movement could be programmed, remotely, with a personal computer.
An anthropomorphic Rando phantom ͑Alderson Research Laboratories, Stanford, CA͒ with embedded TLD chips was used for dose measurements. This phantom was not imaged using ultrasound, but used to address changes in dosimetry due the presence of the transducer placed just outside the treatment field. It was decided to expose the Rando phantom to a simple, multifield radiotherapy treatment. The standard three-field, 10ϫ 10 cm 2 , 2 Gy prostate treatment plan was chosen. To see if the presence of the ultrasound transducer would change the dose throughout the volume of the phantom, TLD chips were loaded into the slice closest to the transverse location of the prostate. The Rando phantom was placed on the treatment couch of the SL25 and aligned for exposure. After exposure, these TLD chips were removed and a new set was loaded into the same slice. The Rando phantom was then replaced on the treatment couch and the ultrasound transducer was placed in contact with the surface of the phantom about 2.5 cm outside the edge of the 10 ϫ 10 cm 2 light field. The three-field prostate treatment was repeated. The TLD chips were then removed and their absorbed dose was measured using a Vinten TLD Reader.
C. The imaging system
Ultrasonography is based on a pulse echo method where a transducer emits brief pulses of ultrasound and detects those that are reflected back when a sound wave meets a change in medium density or compressibility. The transducer converts the echoes into rf electronic signals. The electronic signals go through several steps of signal processing before they can be displayed as a two-dimensional ͑2D͒ B-mode ͑brightness mode͒ image on a display screen, an important step being envelope detection. The ultrasound imaging acquisition system used was an Acuson 128/XP ͑Mountain View, CA͒, modified with a custom interface that makes available the analogue beamformed intermediate frequency ͑IF͒ echo signal. This may be digitized and converted to an rf signal as described in the following. For some parts of the study, rf images were acquired and analyzed, while other investigations were performed with B-mode data that had been captured onto video. Rf images were employed whenever accurate knowledge was needed of the timing for the start-of-line and start-of-frame pulses, which were emitted from the scanner and were used to trigger the capture of the rf data. Therefore, each captured frame corresponded to an image generated by the scanner and the time of acquisition of each pixel in the rf image was known. This information was vital for calculating the temporal frequency of the noise in the ultrasound images introduced by the radiotherapy treatment system. For the video-captured B-mode data, there was not an exact correspondence between video frames and ultrasound frames produced by the scanner; video frame rate is fixed according to the television standard employed ͑e.g., 25 or 30 Hz͒ whereas the ultrasound frame rate depends on factors such as imaging depth, the width of the imaged field, and the number of transmit foci. Furthermore, the video-captured image did not contain the same number of pixels as the ultrasound frame produced by the scanner. Therefore, these data could not be used to calculate the temporal frequency of the noise. Instead, they were used for motion tracking because the facility to acquire rf data is not widely available on commercial ultrasound machines; use of the B-mode data would ensure the widespread applicability of the results.
A variety of transducers were tested ͑both curved and linear arrays with different operating frequencies, 3.5, 5, and 7 MHz͒. For the investigation of the effect of the SL25 on ultrasound imaging, both linear and curved array transducers were used. For the motion-tracking study, B-mode images were acquired using a linear array 5 MHz transducer, which is a frequency suitable for transabdominal ultrasound imaging.
The ultrasound machine was brought into the treatment room and the transducer was held in position using a clamp stand. The ultrasound machine was positioned such that the display screen could be monitored from the control room using the cameras in the treatment room.
Rf images were acquired using the system described by Doyley et al., 24 which was based on a PCI bus frame grabber ͑MV-1000, Tech Corporation, MA͒, interfaced to the Acuson 128/XP scanner. IF frames were digitized to 10 bits at a sampling rate of 20 MHz. The algorithm described by Doyley et al. 24 was then employed to mix IF data to produce rf data.
B-mode images from the ultrasound system were recorded to videotape ͑VHS format͒. To analyze the images from the videotape, the tapes were played back in a video cassette player that had its video output routed to a computer image acquisition system. Frames were captured in multipage TIFF format using the image grabbing card and software CQ™ ͑Kinetic Imaging Ltd., Nottingham͒. Frames were "grabbed" from the videotape at a user-specified time interval and saved to the hard drive. Bitmap files of each page of the multipage TIFF files were extracted using another graphics program ͑IRFANVIEW freeware, Irfan Skiljan, www.irfanview.com͒. The sequence of bitmaps could then be loaded into the tracking program to allow calculation of a displacement image from each sequential pair of frames ͑i.e., 1 → 2, 2 → 3, 3 → 4, etc.͒.
D. The tracking program
The in-house MATLAB™ ͑The Mathworks Inc., Natick, MA͒, tracking program is a displacement estimation algorithm 24, 25 that is based on a 2D cross-correlation-based speckle tracking method. [28] [29] [30] It assumes that a given region of interest in an image is a unique pattern arising from the arrangement of a particular group of scatterers in the medium. Therefore, the displacement of the scatterers can be determined by locating the same unique pattern in a consecutive image. In practice, the two patterns will not be identical, as the electronic noise distribution varies from one frame to the next. In addition, motion transformations other than lateral and axial translation ͑for example, rotation, compression/expansion, and out-of-plane motion͒ will cause the pattern to change or "decorrelate."
The algorithm measures the degree of similarity, known as the cross-correlation coefficient, between a small rectangular region ͑the reference window͒ in the first image and a similarly sized region ͑the search window͒ in the consecutive image ͑see Fig. 1͒ . The cross-correlation coefficient, , between two such regions, A and B, each consisting of N discrete values such that A = ͕a͑0͒ , a͑1͒ , ... ,a͑N −1͖͒ and B = ͕b͑0͒ , b͑1͒ , ... ,b͑N −1͖͒, is given by
where Ā is the mean of A and B is the mean of B. The correlation coefficient is calculated at different positions of the search window as it is successively shifted in both the horizontal ͑x͒ and vertical ͑y͒ directions in increments of 1 pixel. Thus, values of are calculated for all possible positions of the search window within the search area ͑Fig. 1͒. The ͑x , y͒ position that results in the maximum correlation coefficient, max , indicates where the reference window has moved to. The next step is to obtain a subpixel estimate of the displacement of the reference window by fitting a curve ͑second-order polynomial͒ to the maximum correlation coef-ficient and the correlation coefficient at the two neighboring positions of the search window. This is carried out separately for the x and y directions. The subpixel displacement estimate is given by the position of the peak of the fitted correlation curve. Displacement estimation is then repeated in a piecewise manner for further reference windows so as to build up a displacement map of the entire image. Overlapping reference windows retain the best achievable spatial resolution at the expense of computational time.
The inputs to the algorithm are as follows: two ultrasound images, the axial and lateral size of the reference window, the degree of overlap in the axial and lateral directions ͑ex-pressed as a percentage of the reference window size͒, and the axial and lateral size of the search area ͑see Fig. 1͒ . The algorithm returns three images. The first shows the distribution of max , while the remaining two images respectively show the axial and lateral displacement distributions.
The choice of size of the reference window is determined by the desired trade-off between spatial resolution and precision. The larger the reference window, the greater the precision of the displacement estimates, but the poorer the spatial resolution. Good spatial resolution could be a desirable feature of a technique to measure inter-and intrafractional motion because some organs ͑e.g., the bladder͒ can deform without any change in global position. Since our technique produces an image of the spatial variation in displacement ͑currently 2D but potentially 3D͒, we can visualize and measure deformation of a target, independently of and in addition to its global motion. This is not possible using a system that only characterizes the global position of the entire target ͑e.g., NOMOS BAT͒. On the other hand, if the target is only expected to undergo a global change in position, then a large reference window can be chosen ͑or even a single reference window that occupies the entire target͒ to maximize the precision of the displacement estimate. The minimum recommended window size is equal to or just greater than the ultrasound resolution cell, i.e., one pulse length ͑axial͒ by one beam width ͑lateral͒. This is because there is substantial improvement in the precision of the displacement estimates once the window size exceeds the size of the resolution cell.
Therefore, provided the maximum overlap is used ͑i.e., the reference window is advanced by one pixel between successive displacement estimates͒, the spatial resolution of the technique is only slightly poorer than that of ultrasound ͑on the order of 1 -2 mm͒.
E. Motion tracking studies
These experiments were performed using the liver tissue phantom, imaged with the 5 MHz linear array transducer. The phantom was moved in the vertical direction because the maximum depth of the image was 80 mm, while the maximum width ͑determined by the width of the ultrasound transducer͒ was only 38 mm. Given that this was roughly equivalent to the width of the tissue sample, horizontal motion would have caused the target to move out of the field of view.
The phantom was moved at a speed of 0.1 mm/ s for a period of 60 s. The slowest speed available was employed for two reasons. First, it could not be guaranteed that the imaging plane of the transducer was perfectly aligned with the vertical direction of motion of the motorized scanning arm. Out-of-plane motion would result in a depth-dependent angle between the axis of propagation of the ultrasound and the direction of motion. Therefore, as the phantom moves closer to the transducer, the axial displacement would change. A speed of 0.1 mm/ s, resulting in an overall displacement of only 6 mm, was found to eliminate this effect. The second reason for using a low speed was that it resulted in a small interframe displacement. This was desirable because it allowed us to determine whether the algorithm can measure small displacements. For in-plane rigid body motion, there is a fundamental limitation on the minimum displacement that can be estimated. 31 Therefore, one can only investigate the limiting performance of the algorithm ͑i.e., its sensitivity͒ by generating small interframe displacements. It should be emphasized that the choice of speed was arbitrary in the sense that the algorithm measures displacement and not speed. Therefore, the only way in which speed influences the performance of the algorithm is that it determines the interframe displacement.
Sequences of B-mode images of the moving phantom were acquired while the SL25 was on and off. These were tracked using various different reference window sizes, as described in Sec. III, ranging from the minimum recommended size to a reference window that occupied approximately one-quarter of the area of the phantom. In addition, an investigation was carried out in which the window size was increased in small increments to examine the trade-off between precision and spatial resolution. The precision of the displacement estimates was assessed by calculating the spatial average of the maximum cross-correlation value, max , within the phantom. The larger the correlation coefficient, the more closely the fitted correlation curve corresponds to that which would be obtained in the absence of electronic noise and decorrelation. Therefore, there is a greater likelihood that the position of the peak of the fitted curve is a good approximation to the true displacement.
III. RESULTS

A. Effect of operating the treatment machine on static B-mode images
B-mode images were the easiest to observe since they could be seen in real-time on the monitor of the ultrasound system ͑by focusing the cameras in the treatment room on the monitor͒. It was immediately obvious that a spatially periodic "noise" was being picked up by the ultrasound system and that this noise was present before any monitor units were counted. This implied that the noise was directly due to the pulse chain electronics of the SL25 and was not a radiation effect. Figure 2͑b͒ illustrates the localized additional noise in the ultrasound image caused by the SL25 operation. It is easier to see the localized noise by subtracting an image of the same target acquired without the noise ͓Fig. 2͑a͔͒ and this subtracted image is shown in Fig. 2͑c͒ . It should be noted, however, that some of the differences between Figs. 2͑a͒ and 2͑b͒ were due to frame-to-frame differences in the electronic noise present in the ultrasound system ͑i.e., ther- FIG. 2. ͑a͒ B-mode ultrasound image of an ultrasound tissue-equivalent phantom, acquired using a 3.5 MHz curved array transducer, with the SL25 off. The imaging depth was 24 cm. ͑b͒ B-mode ultrasound image acquired immediately after ͑a͒, but with the SL25 beam switched on. Note the presence of "noise spots" in the image caused by the SL25. ͑c͒ The result of subtracting image ͑a͒ from image ͑b͒ to enhance the spatially periodic, localized noise that occurs while the SL25 is on. The noise is expressed as the percent change in the greyscale value relative to image ͑a͒. mal electronic noise from the transducer and electronic amplifiers͒. We refer to the interference seen when the SL25 is on as "noise" because it is unwanted image detail. There are two sources of noise in physical processes: white noise ͑ran-dom͒ and impulse noise ͑due to a number of momentary disturbances͒. The latter is what we have observed.
In addition to the periodic component of the noise, it might be expected that the SL25 would add a random component. This was investigated by comparing amplitude histograms for images of air with the SL25 on and off. For the image acquired while the SL25 was on, the histogram was calculated for a region of interest that did not incorporate the periodic noise spikes. No appreciable difference in the two histograms was observed, implying that the random component of the noise due to the SL25 is negligible. Figure 3 shows B-mode images ͑reconstructed from rf images͒ acquired while the SL25 was operating at ͑a͒ 400 Hz and ͑b͒ 200 Hz. The temporally periodic noise due to the pulsing of the magnetron is manifested as spatially periodic noise in the ultrasound image because of the finite time required to acquire an image. Therefore, the higher the operating frequency of the SL25 ͓Fig. 3͑a͔͒, the more closely spaced the noise spikes in the image. The temporal frequency of the noise was calculated from these images, based on the ultrasonic frame rate and the number of pixels in the image, and was found to be consistent with the pulse repetition frequency of the SL25. Furthermore, the duration of the noise spikes was calculated by dividing their length by the sound speed ͑1540 m / s͒. A value of approximately 4 s was calculated for Fig. 3͑a͒ , which was consistent with the known duration of the pulses when the SL25 was operating at 400 Hz.
B. Origin of the spatially periodic noise
C. Effect of the spatially periodic noise on image interpretation
In order to determine the degree to which the noise might interfere with the interpretation of clinically relevant images, the peak amplitude of the noise spots was compared with an amplitude histogram computed from a segmented B-mode image of a normal prostate. The first step was to scan the prostate using scanner settings ͑e.g., gain, depth-dependent gain and imaging depth͒ that are appropriate for this organ. An rf image of the prostate was then recorded and used to reconstruct the B-mode image ͓Fig. 4͑a͔͒. Keeping all the scanner settings the same, an equivalent image was acquired in air while the SL25 was operating ͓Fig. 4͑b͔͒. An axial profile through this image at the horizontal position of one of the noise spots ͓Fig. 4͑c͔͒ allowed us to determine the peak amplitude of the noise. Note that for this purpose, it was important to choose a noise spot that occurred at approximately the same depth as the prostate. Finally, the peak amplitude of the noise was plotted on a graph showing the amplitude histogram of the brightness values in the prostate ͓Fig. 4͑d͔͒. The intensity of the noise was found to be of a similar order of magnitude to the average brightness measured within the prostate. Coupled with the fact that the spatial frequency of the noise is low, it is unlikely that an observer will be able to detect the noise when imaging the prostate. It should also be borne in mind that the proposed role of ultrasound in monitoring radiotherapy is to track the structure of interest ͑e.g., prostate͒. The involvement of the clinician is likely to be limited to outlining the prostate in the baseline image, after which the tracking algorithm automatically calculates any changes in position. Therefore, given that a baseline image can be acquired prior to the operation of the SL25, the noise is not likely to have any effect on image interpretation. FIG. 3 . B-mode images in air acquired with a linear 3.5 MHz probe while the SL25 is irradiating, operating at ͑a͒ 400 Hz and ͑b͒ 200 Hz. The images were reconstructed from captured rf images. The gain on the scanner was set to maximum to enhance the visibility of the spatially periodic noise.
D. Effect of the spatially periodic noise on motion tracking
B-mode images of the moving tissue phantom were grabbed from the videotape at half-second intervals. The tracking program was used to analyze pairs of sequential images. The displacements were calculated for a rectangular area that was wholly contained within the tissue phantom. Displacement images of different spatial resolutions were calculated by changing the size of the reference window, as described in the following. The size of the overlap was kept at a constant value of 60% in both the axial and lateral directions. Given that the tissue sample was only subject to global motion, it was not worthwhile maximizing the spatial resolution by using the maximum overlap ͑which would have increased the computation time͒.
To begin with, the size of the reference window was chosen to be 7.73 mm ͑vertical͒ by 4.90 mm ͑horizontal͒. This produced six displacement data points within the studied region. The average of the six axial displacement values is plotted as a function of time in Fig. 5 , both with the SL25 on and off. If the motorized scanning arm had produced perfectly smooth motion, the displacement between consecutive images would have been a constant value of 0.05 mm. However, due to the nonsmooth operation of the motors and the buoyancy of the tissue, there was a beating pattern in the calculated displacements, which had the same appearance when the SL25 was on and off. Two quantitative conclusions can be drawn from Fig. 5 . First, the mean value of the measured displacement, and the standard deviation on the mean value, were identical with the SL25 on and off. Therefore, the SL25 did not reduce the accuracy or precision of the tracking algorithm. Second, the total standard deviation on the measured displacement was only 4% of the mean value. Given that this included the effects of nonsmooth operation of the motors, and given that from visual inspection of Fig. 5 this effect was the dominant source of variance on the mean displacement, the precision of the tracking algorithm when measuring submillimeter displacements is very high ͑i.e., much better than 4%͒.
The second analysis involved tracking between frames that were spaced 1 s apart, resulting in an interframe displacement of 0.1 mm. Two different reference window sizes were investigated. The first window, of dimensions 10.25 mm͑vertical͒ ϫ 6.39 mm͑horizontal͒, produced two results within the studied area, while the second window, of dimensions 1.63 mmϫ 1.04 mm, produced 336. The smaller window size was chosen to be on a similar order of magnitude to the resolution cell of the ultrasound beam. In addition, it was of a similar size to the "noise spots" produced by the SL25. Therefore, it was expected that some of the displacement estimates would be corrupted by the presence of the noise. The results of motion tracking are listed in Table I . FIG. 4 . ͑a͒ B-mode image of a normal prostate ͑outlined in solid black͒ acquired using a linear 3.5 MHz probe. The gain and other display settings were chosen so as to be appropriate for prostate imaging. ͑b͒ B-mode image in air acquired with a linear 3.5 MHz probe while the SL25 was irradiating, operating at 400 Hz. The imaging depth was 14 cm. The scanner settings were identical to those used in ͑a͒. ͑c͒ Vertical profile through the B-mode image at the position of the second deepest "noise spot" visible in ͑b͒. ͑d͒ Amplitude histogram ͑open circles͒ of the prostate outlined in ͑c͒. The magnitude of the peak of the vertical profile through the noise spot has been shown for comparison ͑solid line͒. Figure 6 shows the calculated axial displacements as a function of time. There was no difference in the accuracy ͑mean value͒ or precision ͑standard deviation on the mean value͒ of the displacement estimates with the SL25 on or off, even for the smaller reference window. The standard deviations are a factor of 10 larger for the small reference window compared with the large reference window. As mentioned earlier, this was to be expected, since errors in calculating the peak cross-correlation value are reduced when there is more of the tissue signature to match.
Finally, a pair of B-mode images separated by 0.5 s was chosen at random from the sequence acquired while the SL25 was operating. These images were tracked on repeated occasions while increasing the area of the reference window FIG. 5 . A plot of the spatial mean displacement calculated from consecutive frames taken at half-second intervals for both the SL25 on ͑circles and solid line͒ and off ͑squares and dashed line͒. The phantom was moving at 0.1 mm/ s. The average displacement between frames was found to be 0.050± 0.002 mm with both the SL25 on and off. The axial and lateral overlaps were kept constant at 60%. The spatial average of the maximum cross-correlation value is plotted as a function of the area of the reference window in Fig. 7 . As expected, the cross-correlation value decreases as a function of increasing spatial resolution ͑i.e., decreasing window area͒. However, the correlation coefficient remains high ͑Ͼ0.88͒ for all resolutions tested.
E. Effect of the transducer on dose delivery
An ADAC PINNACLE treatment-planning system was used to calculate the expected dose to the TLD chips. The posi- tions of the 27 chips in the phantom are indicated in Fig.  8͑a͒ . Figure 8͑b͒ shows that the ADAC plan predicted a dose that is consistently higher than that measured by the TLD chips, although the spatial variation in the dose is the same.
Figures 8͑a͒ and 8͑b͒ demonstrate that similar TLD chip readings were achieved with and without the transducer. The means and standard deviations on the 27 TLD readings with and without the transducer were 21.74± 16.47 and 21.18± 15.88 cGy, respectively. A Wilcoxon matched pairs signed rank sum test showed that these two data sets were not significantly different ͑p = 0.070͒.
IV. DISCUSSION
The results of this study showed that for a large tracking window size, which would be suitable for measuring the global motion of a rigid target, the variance on the mean displacement estimate was 0.001 mm. For window sizes comparable to the ultrasound resolution cell, which would be useful for characterizing nonrigid motion with high spatial resolution, the variance on the displacement estimates was 0.01 mm. These displacements are much smaller than those allowed for by typical radiotherapy treatment margins, implying that the sensitivity of the technique is sufficient to be clinically useful.
The ultrasound images were of acceptable quality for tracking a global translational shift of a prostate-like phantom using our motion estimation algorithm. However, it is possible that the effect of the noise would be more severe for a different combination of radiotherapy and ultrasound equipment, or when attempting to characterize more complex motion transformations. However, several noise reduction methods can be envisaged. For example, given that the noise is electromagnetic in nature and is predominantly picked up by the cable running between the ultrasound transducer and ultrasound machine, it is likely that shielding the transducer cable would reduce the severity of the interference. A second possibility would be to apply image filtering to the ultrasound images prior to motion tracking.
In order for the proposed technique to be useful in clinical practice, further development is required in at least four areas. First, we need to produce absolute position measurements with respect to the CT planning data. Relative position measurements can be achieved by attaching a position sensor to the ultrasound transducer ͑e.g., Flock of Birds magnetic position sensor by Ascension Technology or Polaris optical sensor by Northern Digital͒. These could be converted to absolute position measurements by acquiring baseline position readings at several fixed points in the treatment room. Second, the tracking algorithm needs to operate in real-time, which will require several modifications. The ultrasound data will need to be digitized directly from the video output of the ultrasound machine, rather than via videotape. In addition, the tracking algorithm will need to be modified to operate in real-time. The potential for real-time implementation of ultrasonic 2D motion estimation has already been demonstrated. 32, 33 Methods of speeding up the procedure include the use of block-matching techniques that are faster than cross-correlation ͑e.g., sum absolute difference͒, hardware implementation of the block-matching calculation, and the development of more efficient algorithms. For example, the displacement estimate calculated at a given position in the image can be used to predict the expected displacement at a neighboring position, allowing the "search area" ͑see Fig. 1͒ to be substantially reduced. 32 This is possible because the tissue structures are physically connected to each other, so the displacement variation is locally smooth. The third area of development required for clinical implementation arises from the fact that the target motion will not be confined to a 2D plane, so it will be necessary to track displacements in 3D. As the temporal resolution of 3D ultrasound continues to improve, it will soon be possible to obtain such measurements from a sequence of volume scans. Finally, in order for the technique to be used during a treatment fraction, we will need to clamp the transducer using a mechanical gantry.
It has been reported in the literature that the presence of the ultrasound transducer itself can cause deformation of the target volume due to the pressure required to achieve good acoustic contact. 34, 35 As explained in the previous paragraph, our technique will be able to detect absolute changes in target shape and position with respect to the CT planning data. Therefore, probe pressure will not present a problem from the point of view of introducing uncertainty into the shape and position of the target. Nevertheless, it would be preferable to minimize changes in target position caused by ultrasound probe pressure. A possible solution is that, at the time of acquiring the CT planning scan, the transducer is placed in the position that will later be used for tracking motion.
It is intended that this technique will eventually be used to study other sites such as lung, liver, or breast. These organs are of particular interest because they are known to be subject to natural motion due to respiration and/or cardiovascular activity. The breast can be imaged very successfully with ultrasound, as can most parts of the liver, provided it is possible to access the site through the ribs. Ultrasound has only a limited ability to image lung, but could be useful for superficial tumors.
There is a conflict between the optimum transducer position for imaging and the desire to place the transducer outside the field so that it does not affect the delivered dose. The severity of this problem will vary for different sites of the body. In some circumstances, it might be worth considering a multiple beam treatment plan 36, 37 so that the quality and utility of the motion-tracking information are not compromised.
In this study, video-captured B-mode images were used to measure interframe displacements. It has been shown that provided the target does not undergo large deformations, rf data produce more precise displacement estimates than envelope-detected data. 38 Therefore, in the long-term, as rf data acquisition platforms become more readily available on commercial ultrasound scanners, it might be desirable to implement the motion-tracking algorithm with rf data. However, it is possible that the noise introduced by the radiotherapy treatment machine has a greater adverse effect on the precision of the displacement estimates for rf tracking than for B-mode tracking. Therefore, a comparison of these two approaches would be a worthwhile future study.
Localization systems such as the NOMOS BAT have been evaluated 21, 39, 40 and some authors have studied changes in position before and after a treatment fraction. 41 These evaluative studies have generally concluded that the BAT system is easy to use and that it produced clinically meaningful adjustments to patient set up ͑i.e., as a result of the adjustments, the target volume was more accurately placed 42 ͒. This illustrates the need for such a device in radiotherapy for patient setup. However, because the BAT is only used prior to and post-treatment, it cannot be used for true real-time tracking of the soft tissue target. This makes it unacceptable for treatment of sites that expect a change in position in a time frame less than that of a treatment fraction, for example, motion due to breathing. Other localization systems that can be used, such as EPID and SI flat panel imagers, do not image soft tissue as well as ultrasound.
Work remains to be done on the effect of the transducer on surface dose. This will take the form of experiments with films and phantoms, as well as Monte Carlo simulations. The effect on the surface dose will be examined for a variety of distances of the transducer from the treatment field edge.
V. CONCLUSION
This study has shown that soft tissue can be tracked using ultrasound to sub-millimeter precision, regardless of the presence of an operating radiotherapy treatment machine. This precision far exceeds that required in conventional radiotherapy. The potential of using ultrasound imaging for image-guided radiotherapy has been demonstrated.
